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The Functional Roles of
Muscles, Passive Prostheses,
and Powered Prostheses During
Sloped Walking in People With
a Transtibial Amputation
Sloped walking is challenging for individuals with transtibial amputation (TTA) due to
the functional loss of the ankle plantarflexors. Prostheses that actively generate ankle
power may help to restore this lost function. The purpose of this study was to use muscu-
loskeletal modeling and simulation to quantify the mechanical power delivered to body
segments by passive and powered prostheses and the remaining muscles in the amputated
and intact legs during sloped walking. We generated walking simulations from experi-
mental kinematic and kinetic data on slopes of 0, 63 deg and 66 deg in eight people with
a TTA using powered and passive prostheses and eight nonamputees. Consistent with our
hypothesis, the amputated leg hamstrings generated more power to both legs on uphill
slopes in comparison with nonamputees, which may have implications for fatigue or over-
use injuries. The amputated leg knee extensors delivered less power to the trunk on down-
hill slopes (effect size (ES)� 1.35, p� 0.02), which may be due to muscle weakness or
socket instability. The power delivered to the trunk from the powered and passive pros-
theses was not significantly different (p> 0.05), However, using the powered prosthesis
on uphill slopes reduced the contributions from the amputated leg hamstrings in all seg-
ments (ES� 0.46, p� 0.003), suggesting that added ankle power reduces the need for the
hamstrings to compensate for lost ankle muscle function. Neither prosthesis replaced gas-
trocnemius function to absorb power from the trunk and deliver it to the leg on all slopes.
[DOI: 10.1115/1.4037938]

Introduction

People with a transtibial amputation (TTA) often have impaired
mobility. For example, compared to nonamputees, people with a
TTA using passive-elastic prostheses have greater joint kinematic
and kinetic asymmetry [1–3], metabolic energy expenditure during
level-ground walking [4–6], and prevalence of joint disorders and
pain [7–9]. People with a TTA no longer have the function pro-
vided by the ankle plantarflexor muscles, including the uniarticular
soleus and the biarticular gastrocnemius. These muscles are critical
for performing the functional roles of providing forward propul-
sion, body support, and leg swing initiation during level-ground
walking [10–13]. In this context, we define a “functional role” as
the mechanical contributions from muscles and prostheses to
whole-body movement. For example, during level-ground walking
in nonamputees, both the soleus and gastrocnemius perform the
functional roles of support (upward acceleration) and propulsion
(forward acceleration) of the body center of mass (COM). The sol-
eus performs this role by absorbing mechanical power from the leg
and generating power to the trunk to accelerate the trunk forward.
In contrast, the gastrocnemius absorbs power from the trunk and
generates power to the leg for leg swing initiation [10].

In contrast to the soleus and gastrocnemius muscles, which per-
form net positive work during stance, passive-elastic prostheses
perform net negative work over the stance phase [14]. Passive-
elastic prostheses can partially replicate the function of the soleus
in providing body support and delivering power to the trunk, but
do not perform the function of the gastrocnemius in generating

power to the ipsilateral leg during level-ground walking [12,14].
Powered ankle-foot prostheses, like the ankle plantarflexors, per-
form net positive work at the prosthetic ankle joint over the stance
phase [15,16]. However, commercial powered prostheses do not
actuate the knee joint like the biarticular gastrocnemius. In addi-
tion, powered prostheses are typically designed to produce local
ankle joint mechanics that are similar to a biological ankle, such
as matching biological ankle moment or work during walking.
Reproducing local ankle joint mechanics has been successful in
reducing the metabolic cost of level-ground walking compared to
use of a passive-elastic prosthesis and normalizing metabolic
cost compared to nonamputees [17]. However, the addition of
prosthetic ankle power does not fully restore normative whole-
body biomechanics, particularly during challenging tasks. These
remaining deficits are evidenced by differences that persist in joint
kinematics and kinetics on level ground [18], whole-body angular
momentum during walking at various speeds [19] and on nonlevel
surfaces [20,21], and proximal joint kinematics on uneven terrain
[22]. How the addition of prosthetic ankle power affects the func-
tional roles of lower-limb muscles during challenging walking
tasks remains unclear. Quantifying prosthesis functional roles
could aid in designing future prostheses to replicate the functional
role of a biological ankle in contributing to whole-body move-
ment rather than reproducing local ankle joint mechanics.

Walking on uphill and downhill slopes are important activities
of daily living that can be challenging for many populations. For
nonamputees, walking uphill requires an increased duration and
magnitude of muscle activity in the hip extensors [23] and
increased hip and ankle range of motion [24] compared to level-
ground walking, while walking downhill requires increased dura-
tion and magnitude of knee extensor activity [23] and greater
knee power absorption [25] compared to level-ground walking.
Consistent with these observations, previous musculoskeletal
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modeling analyses of nonamputees have indicated that the hip
extensors are important for generating power to both the swing
and stance legs on inclines, and that the knee extensors absorb
power from the ipsilateral leg during stance on declines [26].
Likewise, a predictive simulation of incline walking using a two-
dimensional musculoskeletal model has demonstrated that
increases in the peak and duration of force generated by the ham-
strings and gluteus maximus during uphill walking were required
as uphill angle increased [27]. In addition, prior musculoskeletal
modeling studies have found that ankle, knee, and hip joint con-
tact forces increase during uphill walking, and that hip and knee
joint contact forces increase during downhill walking. The
increases in joint compressive loads were attributed to higher
forces from the hamstrings, vasti, gastrocnemius, and soleus dur-
ing uphill walking and higher forces from the gluteus medius, rec-
tus femoris, and vasti during downhill walking [28,29]. These
prior studies highlight how muscle forces and power generation
are adapted to achieve the altered demands of uphill and downhill
walking compared to level-ground walking.

Uphill and downhill walking can be especially challenging for
individuals with TTA. Specifically, one survey found that 85% of
individuals with TTA reported some level of difficulty walking on
slopes [30]. Furthermore, prior studies have shown compensations
in other muscles, such as longer durations of muscle activity in
the amputated leg hip extensors and intact leg knee extensors [31]
and reduced contributions to body COM braking in the amputated
leg knee extensors [12]. During uphill walking, individuals with
TTA using both passive-elastic and powered prostheses rely on
hip power generation more than nonamputees, as indicated by
greater net hip joint power in the amputated leg [20]. During
downhill walking, individuals with TTA using both passive-
elastic and powered prostheses had reduced net knee joint power
absorption in the amputated leg compared to nonamputees [32],
possibly due to weakness of the quadriceps in the amputated leg
[33] or discomfort due to socket pressure [34]. However, these
prior studies of sloped walking in individuals with TTA reported
joint-level moments and powers, but did not investigate the func-
tional roles of individual muscles, which can only be achieved
through a musculoskeletal modeling approach.

Thus, the goal of this study was to use musculoskeletal
modeling and movement simulations to quantify the functional
roles of passive-elastic and powered prostheses by investigating

the amount of mechanical power each prosthesis delivered to the
trunk and legs during sloped walking. Further, the functional roles
of individual lower-limb muscles when using passive-elastic and
powered prostheses were also investigated and compared with
those of nonamputees. Based on the results of previous studies of
net joint power [20,32], we hypothesized that individuals with
TTA would use their hip extensors to generate more power to the
legs compared to nonamputees on inclines and absorb less power
from the ipsilateral leg with the knee extensors of the amputated
leg compared to nonamputees on declines. We also hypothesized
that both prostheses would absorb power from the leg and transfer
it to the trunk, but that the powered prosthesis would generate
more power to the trunk than the passive-elastic prosthesis. This
increased trunk power generation was expected because the pow-
ered prosthesis actuates the ankle joint similarly to the uniarticular
soleus muscle, which generates power to the trunk [10]. We
expected that neither prosthesis would perform the function of the
biarticular gastrocnemius to generate power to the leg because
neither device actuates the knee joint.

Methods

Experimental Data Collection. Eight healthy adults (1 female
and 7 males, 72 6 8 kg, 177 6 6 cm, 30 6 8 years) and eight indi-
viduals with unilateral TTA (4 females and 4 males, 78 6 12 kg,
172 6 7 cm, 45 6 11 years) provided written informed consent to
participate in the experimental protocol approved by the Human
Subjects Institutional Review Board at the Department of Veter-
ans Affairs. Participants with TTA all underwent amputation due
to trauma, self-reported as Medicare Functional Classification
Level K3 or higher, and were free of neurological, cardiovascular,
or musculoskeletal impairments other than that associated with
the amputation. We matched participants with and without TTA
based on height and weight. Participants stood in place for a static
trial and then walked on an inclinable dual-belt force-measuring
treadmill (Bertec Corp., Columbus, OH) at 1.25 m/s on slopes of
0 deg, 63 deg, and 66 deg while we simultaneously measured
bilateral ground reaction forces (GRFs, 1500 Hz), whole-body
kinematics (100 Hz, Vicon Inc., Centennial, CO), and electromyo-
graphic (EMG) signals (1500 Hz, Noraxon Corp., Scottsdale, AZ)
from eight intact leg muscles and five amputated leg muscles
(Table 1). Each trial was approximately 1 min long and we

Table 1 Muscle group definitions and abbreviations. The muscles that we collected EMG data
from are indicated by “E” and muscles in the group that were constrained based on the EMG
signal are denoted by “C.” EMG signals were not collected from the soleus, gastrocnemius or
dorsiflexors in the amputated leg.

Group name Muscles in group

Soleus SoleusEC

Gastrocnemius Lateral gastrocnemiusEC

Medial gastrocnemiusC

Dorsiflexors Tibialis anteriorEC

Extensor digitorum longus
Extensor hallucis longus
Peroneus tertius

Vasti Vastus lateralisEC

Vastus medialisC

Vastus intermediusC

Rectus femoris Rectus femorisEC

Hamstrings Biceps femoris long headEC

Gracilis
Semimembranosus
Semitendinosus

Gluteus maximus Gluteus maximus (superior, middle, and inferior compartments)EC

Hip abductors Gluteus medius (anterior, middle, and posterior compartments)EC

Gluteus minimus (anterior, middle, and posterior compartments)
Piriformis
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collected data for 30 s. Reflective markers were placed bilaterally
on joint centers, and clusters of at least four markers were placed
on each body segment. We placed reflective markers at the
approximate locations of the prosthetic foot corresponding to the
first and fifth metatarsal heads, posterior calcaneus, and medial
and lateral malleoli. Individuals with TTA performed the protocol
using their clinically prescribed passive-elastic prosthesis as well
as the BiOM (BiOM T2, BIONX Inc., Bedford, MA) powered
prosthesis. Prior to experimental trials, we iteratively tuned the
BiOM to match average biological ankle range of motion, peak
moment, peak power, and net work at each slope [35]. Each par-
ticipant walked using the BiOM prosthesis for 6–8 h over 3–4
days prior to data collection.

Musculoskeletal Model and Simulation Development. Kinematic
marker trajectories were low-pass filtered with a 6 Hz cutoff
frequency using a fourth-order bidirectional Butterworth filter in
VISUAL3D (C-Motion, Inc., Germantown, MD). Joint angles were
computed using a least squares optimization approach to inverse
kinematics [36]. GRFs were also low-pass filtered with a 6 Hz cut-
off to eliminate noise caused by vibrations in the treadmill
[37–39] and maintain consistency between data types [40,41].
Musculoskeletal models of each participant were created in Open-
Sim 3.1 [42] by scaling the size and inertial properties of the body
segments in a generic model [43,44] with 21 degrees-of-freedom
(DOF) and 92 Hill-type musculotendon actuators with normative
force-length-velocity properties [45]. The scale factors for each
segment were computed in VISUAL3D from the static standing trial.
Passive structures were represented by generalized torques
applied to each rotational DOF as an exponential function of joint
angle [46,47]. The prostheses were modeled by removing all
muscles crossing the ankle joint in the musculoskeletal model,
including the biarticular gastrocnemius, and replacing them with a
generalized rotational actuator at the ankle. Thus, the mechanical
properties of the devices, such as stiffness and damping, were not
explicitly modeled, but the equivalent ankle moment provided by
the passive and powered prostheses between the rigid foot and
shank segments was computed using inverse dynamics. The subta-
lar joint of the prosthetic leg was locked. The inertial properties of
the BiOM were assumed to be the same as a biological leg [17].
For the passive-elastic prosthesis, the distance between the knee
joint and tibia COM was reduced by 25% [48] and the tibia mass
was reduced by 50% [12]. During the simulations, residual forces
and moments were applied to the pelvis in 6DOF to ensure
dynamic consistency between the experimental and simulated
motions. A residual reduction algorithm was used to minimize
these residual forces and moments by adjusting the total model
mass and torso COM location [42]. We then used a computed
muscle control algorithm to determine muscle forces that repro-
duced the adjusted inverse kinematics solution from the residual
reduction algorithm while minimizing the sum of squared muscle
excitations. Simulated muscle excitations were constrained using
processed EMG signals (Table 1). Raw EMG signals were proc-
essed by de-meaning, rectifying, and applying a bidirectional
moving average filter with a window of 100 ms. For each trial, the
processed EMG signal for each muscle was normalized by the
peak signal value of that muscle across all trials for that person.
Muscles in the simulation were constrained to have an excitation
greater than 0.5 if the corresponding normalized EMG signal was
greater than 0.5 for more than 0.01 s. Muscles in the simulation
were constrained to have an excitation of less than 0.1 if the
normalized EMG signal was less than 0.05 for more than 0.01 s.
Otherwise, the muscle excitation bounds in the simulation were
set at 0.02 and 1.0. Reserve torque actuators were applied at each
joint to supplement the muscle forces if necessary.

We selected three gait cycles (i.e., three trials from heel strike
to heel strike of the same leg) from each 30 s data collection in
which all body segments were tracked and clean foot contacts
were achieved on each belt of the treadmill. Walking simulations

were then developed for the selected gait cycles at each of the five
slopes for all participants and for both prostheses for participants
with TTA. A total of 360 gait cycle simulations were generated.

Segment Power Analyses. We performed segment power anal-
yses on the walking simulations to determine the instantaneous
power delivered to the body segments by each force in the model
[49]. We replaced the GRF with a “rolling without slipping” kine-
matic constraint [50] and solved the system equations of motion
for the resulting accelerations due to each force acting on the
model. The induced segment accelerations were multiplied by the
segment velocities to calculate the power generated to (positive
power) or absorbed from (negative power) each segment. The net
power delivered to the trunk (pelvis and torso) and legs (toes,
calcaneus, talus, tibia, and femur in each leg) was calculated by
summing the linear and rotational power delivered to each body
segment by each individual model force (e.g., muscle, prosthesis,
gravity), and was then normalized by the total segment mass. Spe-
cifically, we investigated the power to the trunk and legs from a
passive-elastic prosthesis, a powered prosthesis, and the following
muscle groups (Table 1): hamstrings, gluteus maximus, rectus
femoris, vasti, soleus, and gastrocnemius.

Statistical Comparisons. A linear mixed effects ANOVA [51]
was used to compare the average power delivered to the trunk and
legs by the muscles and prostheses during stance (0–60% of the
respective leg gait cycle). A separate ANOVA was performed for
each muscle group. Slope (0 deg, 63 deg, and 66 deg) and leg
type (nonamputee leg, amputated leg using the powered prosthe-
sis, intact leg using the powered prosthesis, amputated leg using a
passive-elastic prosthesis, and intact leg using a passive-elastic
prosthesis) were fixed effects in the model and participant was a
random intercept effect. When a significant main or interaction
effect was found, post hoc comparisons were performed using
least squares means [52]. Tukey’s method was used to maintain a
critical threshold of p¼ 0.05 for each family of comparisons. We
reported the standardized effect size (ES) as the magnitude of dif-
ference in estimated means divided by the standard deviation of
the residuals in the linear mixed effects model. In general, an ES
of 0.2 or less is “small,” between 0.2 and 0.8 is “medium,” and
greater than 0.8 is “large.” We also reported the magnitude of the
upper and lower 95% confidence intervals (CIs) for the differen-
ces in estimated means. The CI values are reported in W/kg.

Results

The largest root-mean-squared (RMS) rotational kinematic
errors in the simulations occurred in the prosthetic ankle
(1.55 6 0.99 deg, average and standard deviation across partici-
pants with TTA) and lumbar extension (1.88 6 1.00 deg, average
and standard deviation across nonamputees), and the largest RMS
translational errors were 1.95 6 1.02 cm in pelvis mediolateral
translation in participants with TTA and 1.83 6 0.21 cm in pelvis
anterior/posterior translation in nonamputees (Table 2). The great-
est mean RMS residual force was 1.60 6 0.79% body weight
(BW) in the vertical direction at þ6 deg and the greatest mean
RMS residual moment was 2.32 6 1.21%BW m about the anterior
axis, which both occurred in the TTA simulations (Table 3).
Simulated muscle excitation profiles were similar to the processed
EMG signals for both individuals with TTA (Fig. 1) and non-
amputees (Fig. 2), though the vasti and rectus femoris excitation
in the amputee simulations had smaller magnitudes than the
experimental EMG signals (Fig. 1).

Hip Extensors. There were significant main effects in the
power generated to the trunk and both legs by the hamstrings, but
no significant interaction effects. There were significant main and
interaction effects in the power generated to the trunk and ipsilat-
eral leg by the gluteus maximus, but only the main effects
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were significant for the power delivered to the contralateral leg
(Table 4). The amputated leg hamstrings absorbed more power
from the trunk and generated more power to both legs than the
intact leg hamstrings when using both passive-elastic and powered
prostheses on all slopes (Fig. 3, all p< 0.001). The average
trunk power absorption from the amputated leg hamstrings com-
pared to the intact leg hamstrings was greater by 0.74 W/kg on
average (p< 0.001, ES¼ 0.96, CI¼ [0.47,1.01]) when using a
passive-elastic prosthesis and greater by 0.64 W/kg on average
(p< 0.001, ES¼ 0.84, CI¼ [0.37,0.91]) when using a powered
prosthesis (Fig. 3). When using a passive-elastic prosthesis, the
amputated leg hamstrings generated 110% more power to the ipsi-
lateral leg compared to nonamputees (p< 0.001, ES¼ 1.60,
CI¼ [1.44,4.21]) and also generated 92% more power to the con-
tralateral leg compared to nonamputees (p< 0.001, ES¼ 1.25,
CI¼ [0.87,3.57]) on average across all slopes. There were no dif-
ferences in the power absorbed from the trunk or generated to the
ipsilateral leg by the hamstrings when using a powered prosthesis
compared to nonamputees. However, the power generated to

the contralateral leg by the amputated leg hamstrings when using
a powered prosthesis was on average 56% greater (p¼ 0.04,
ES¼ 0.78, CI¼ [0.04,2.74]) compared to nonamputees across all
slopes. In addition, the amputated leg hamstrings absorbed signifi-
cantly less power from the trunk (p< 0.001, ES¼ 0.53,
CI¼ [0.13,0.67]) and generated more power to the ipsilateral leg
(p< 0.001, ES¼ 0.96, CI¼ [1.07,2.31]) and contralateral leg
(p¼ 0.003, ES¼ 0.46, CI¼ [0.20,1.45]) when using a powered
compared to a passive-elastic prosthesis. This difference when
using passive and powered prostheses occurred during approxi-
mately 20–50% of the prosthetic leg gait cycle (Fig. 4) The
amount of power generated to the contralateral leg by the gluteus
maximus was significantly different between the amputated and
intact legs when using both the passive (p< 0.001, ES¼ 1.00,
CI¼ [0.26,0.55]) and powered (p< 0.001, ES¼ 0.42, CI
¼ [0.03,0.32]) prostheses at all slopes and was significantly
greater in the intact leg when using a passive-elastic prosthesis
compared to nonamputees on all slopes (p¼ 0.04, ES¼ 0.92,
CI¼ [0.01,0.74]).

Table 2 Mean (standard deviation) RMS tracking errors for each DOF in the model, along with mean (standard deviation) RMS
reserve actuator moments. Results of participants with TTA are averaged across all passive and powered prosthesis simulations.
Tracking errors are in units of degrees except for pelvis anterior, vertical, and mediolateral position, which are in centimeters. The
reserve actuator moments are normalized by each person’s body mass (Nm/kg). The prosthetic subtalar joint is not applicable
(N/A) because that joint was locked during simulation.

Error Reserves (Nm/kg)

TTA Nonamputee TTA Nonamputee

Lumbar extension 1.42 (0.85) 1.55 (0.99) 0.001 (0.02) 0.001 (0.01)
Lumbar bending 0.93 (0.50) 0.87 (0.52) 0.001 (0.01) 0.000 (0.00)
Lumbar rotation 0.74 (0.60) 0.62 (0.55) 0.000 (0.00) 0.000 (0.00)
Amputated/right hip flexion 0.62 (0.38) 0.72 (0.61) 0.037 (0.06) 0.009 (0.01)
Amputated/right hip adduction 0.63 (0.45) 0.58 (0.54) 0.038 (0.07) 0.012 (0.01)
Amputated/right hip rotation 0.25 (0.17) 0.28 (0.38) 0.014 (0.02) 0.010 (0.01)
Amputated/right knee flexion 0.75 (0.37) 0.39 (0.30) 0.063 (0.12) 0.028 (0.03)
Amputated/right ankle flexion 1.83 (0.21) 1.36 (2.29) 0.539 (0.11) 0.087 (0.05)
Amputated/right subtalar inversion N/A 0.40 (0.39) N/A 0.017 (0.01)
Intact/left hip flexion 0.73 (0.43) 0.60 (0.47) 0.013 (0.02) 0.008 (0.02)
Intact/left hip adduction 0.66 (0.50) 0.50 (0.59) 0.020 (0.04) 0.012 (0.02)
Intact/left hip rotation 0.25 (0.18) 0.23 (0.15) 0.012 (0.03) 0.006 (0.01)
Intact/left knee flexion 0.40 (0.26) 0.41 (0.33) 0.030 (0.03) 0.014 (0.03)
Intact/left ankle flexion 0.34 (0.25) 0.43 (0.34) 0.077 (0.05) 0.040 (0.03)
Intact/left subtalar inversion 0.39 (0.22) 0.47 (0.68) 0.015 (0.01) 0.010 (0.01)
Pelvis tilt 0.14 (0.09) 0.17 (0.27)
Pelvis list 0.17 (0.11) 0.20 (0.36)
Pelvis rotation 0.23 (0.18) 0.16 (0.12)
Pelvis anterior 1.89 (1.07) 1.88 (1.00)
Pelvis vertical 1.94 (0.95) 1.78 (0.86)
Pelvis mediolateral 1.95 (1.02) 1.67 (0.97)

Table 3 Mean (standard deviation) RMS residual forces and moments applied to the pelvis to maintain dynamic consistency in the
simulations. Results of participants with TTA are averaged across all passive and powered prosthesis simulations. Values were
normalized to a percentage of body weight (%BW).

Forces (%BW) Moments (%BW-m)

Slope A/P Vertical M/L Frontal Transverse Sagittal

TTA 6 1.09 (1.20) 1.60 (0.79) 1.25 (1.34) 2.32 (1.21) 1.10 (0.50) 2.50 (1.20)
3 0.92 (0.50) 1.32 (0.65) 0.91 (0.97) 1.94 (0.93) 0.94 (0.52) 2.13 (0.71)
0 0.90 (0.47) 1.26 (0.43) 0.83 (0.79) 1.50 (0.47) 0.85 (0.39) 1.80 (0.52)
�3 1.04 (0.58) 1.33 (0.44) 0.72 (0.49) 1.68 (0.82) 0.96 (0.50) 1.86 (0.55)
�6 0.92 (0.41) 1.35 (0.43) 0.62 (0.28) 1.74 (0.75) 0.97 (0.36) 1.91 (0.59)

Nonamputee 6 0.86 (0.61) 1.42 (0.65) 0.79 (0.39) 1.64 (0.58) 0.72 (0.15) 2.13 (0.54)
3 0.58 (0.31) 0.75 (0.31) 0.63 (0.44) 1.59 (0.84) 0.81 (0.15) 1.65 (0.29)
0 0.94 (0.82) 0.70 (0.57) 0.75 (0.53) 1.46 (0.52) 0.85 (0.16) 1.76 (0.65)
�3 0.52 (0.41) 1.11 (0.99) 0.66 (0.40) 1.30 (0.41) 0.92 (0.17) 1.69 (0.65)
�6 0.59 (0.40) 1.07 (1.12) 0.65 (0.40) 1.32 (0.43) 0.96 (0.16) 1.58 (0.60)
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Fig. 1 Comparison of the mean (6standard deviation) processed EMG signals from each
muscle group (shaded area) and the mean (6standard deviation) of the processed muscle
excitations in the simulations for individuals with TTA using both prostheses (upper and lower
bounds indicated by solid lines). Discontinuities in the simulation traces are a result of the
gait cycle normalization we used for visualization purposes to be consistent across people
with left and right leg amputations. The discontinuities reflect the end points of full gait cycle
simulations and do not affect the results.

Fig. 2 Comparison of the mean (6standard deviation) processed EMG signals from each
muscle group (shaded area) and the mean (6standard deviation) of the processed muscle
excitations in the simulations for nonamputees (upper and lower bounds indicated by
solid lines)
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Knee Extensors. The main and interaction effects were signifi-
cant for the rectus femoris and vasti in the power delivered to the
trunk and ipsilateral leg, with the exception of the main effect of
leg in the power delivered to the ipsilateral leg by the vasti, which
was not significant (Table 4). The rectus femoris in the amputated
leg generated an average of 49% less power to the trunk in

comparison with the intact leg on all slopes when using a passive-
elastic prosthesis (Fig. 5, all p� 0.004 and ES� 1.25). In addi-
tion, at �6 deg and �3 deg the power generated to the trunk by
the amputated leg rectus femoris was reduced compared to non-
amputees with both the passive-elastic (�6 deg: p< 0.001,
ES¼ 1.71, CI¼ [0.20,1.35]; �3 deg: p¼ 0.021, ES¼ 1.35,
CI¼ [0.04,1.18]) and powered (�6 deg: p¼ 0.013, ES¼ 1.39,
CI¼ [0.06,1.20]; �3 deg: p¼ 0.011, ES¼ 1.41, CI¼ [0.07,1.21])
prostheses. At þ3 deg and þ6 deg the power generated to the
trunk by the intact leg rectus femoris was increased compared
to nonamputees with the passive-elastic prosthesis (þ3 deg:
p< 0.001, ES¼ 1.66, CI¼ [0.18,1.32]; þ6 deg: p¼ 0.01, ES
¼ 1.42, CI¼ [0.07,1.21]). There were relatively few differences in
vasti function between conditions, with the only strong significant
difference (p< 0.001, ES¼ 1.45, CI¼ [0.07,0.47]) occurring
in the amount of power delivered to the trunk by the intact com-
pared to amputated leg at þ6 deg when using the passive-elastic
prosthesis.

Prosthesis and Ankle Muscles. All main and interaction
effects were significant in the power delivered to the trunk and
ipsilateral leg by both prostheses, summed ankle muscles (i.e., all
uniarticular and biarticular muscles crossing the ankle joint), sol-
eus, and gastrocnemius (Table 4). The amount of power delivered
to the trunk was significantly different between the prosthesis and
net intact ankle muscles when using both prostheses on all slopes
(all p< 0.001, ES� 1.45). At �6 deg, both prostheses absorbed
approximately half as much power from the trunk as the intact
ankle. At þ6 deg, the passive-elastic and powered prostheses
delivered 0.64 6 0.62 and 0.56 6 0.48 W/kg of positive power
to the trunk, respectively, while the intact ankle generated
0.04 6 0.59 W/kg to the trunk when using the passive-elastic
prosthesis and absorbed �0.07 6 0.55 W/kg when using the
powered prosthesis (Fig. 6). Both the passive-elastic and powered
prostheses absorbed significantly less power from the trunk
than the sum of the nonamputee ankle muscles on level ground
and inclines (Figs. 6 and 7), with p< 0.001 and ES� 3.00 in all
cases except for the powered prosthesis at 0 deg (p¼ 0.01,
ES¼ 2.16, CI¼ [0.06,1.23]) and þ3 deg (p¼ 0.03, ES¼ 2.02,
CI¼ [0.02,1.19]), which were still statistically significant. The
passive-elastic prosthesis absorbed power from the ipsilateral
leg on level ground and uphill slopes, which was different
from the power generated to the ipsilateral leg by the non-
amputee ankle muscles (all p< 0.001, ES� 2.36). The powered
prosthesis absorbed less power from the ipsilateral leg compared
to the passive-elastic prosthesis at 0 deg (p< 0.001, ES¼ 1.43,
CI¼ [0.57,3.79]) and þ3 deg (p< 0.001, ES¼ 1.66, CI¼ [0.92,
4.15]), but at þ6 deg the powered prosthesis also absorbed more
power from the ipsilateral leg in comparison with the nonamputee
ankle muscles (p< 0.001, ES¼ 2.29, CI¼ [0.90,6.09]). In gen-
eral, there was large variability across all participants with TTA in
the amount of power delivered to the body segments by both the
passive-elastic and powered prostheses (Fig. 6). For example, the

Table 4 Statistical results of significant main and interaction effect p-values from the ANOVA. Values of “0” indicate that the p-
value was less than 0.001. p-values for the contralateral leg are not reported (N/R) because these comparisons were not relevant to
the hypotheses. “—” indicates the result was not significant.

Trunk Ipsilateral leg Contralateral leg

Slope Leg Interaction Slope Leg Interaction Slope Leg Interaction

Ankle sum/prosthesis 0 0 0 0 0 0 N/R
Soleus 0 0 0 0 0 0
Gastrocnemius 0 0 0 0 0 0

Rectus femoris 0 0 0 0 0 0 N/R
Vasti 0 0.004 0 0 — 0

Hamstrings 0 0 — 0 0 — 0 0 —
Gluteus maximus 0 0 0 0 0 0 0 0 —

Fig. 3 Mean (6standard deviation across all trials) power
delivered to the trunk, ipsilateral leg, and contralateral leg by
the hamstrings in the intact, amputated, and average nonampu-
tee leg during stance at slopes of 0 deg, 63 deg, and 66 deg.
Values are normalized by segment mass. Significant differen-
ces are indicated between intact and amputated leg (L),
passive-elastic and powered prostheses (P), and compared to
nonamputees (N), with p-values <0.001 indicated by “*.” Individ-
uals with TTA relied more heavily on the hamstrings compared
to nonamputees, but use of a powered prosthesis reduced this
hamstring compensation compared to use of a passive-elastic
prosthesis.
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power delivered to the ipsilateral leg had a standard deviation
across all subjects of between 3.1 and 3.6 W/kg with the passive
prosthesis and 1.9 and 2.6 W/kg with the powered prosthesis,
while the standard deviation from the nonamputee ankle was
between 0.9 and 1.3 W/kg.

Discussion

In this study, we generated simulations of eight individuals
with TTA and eight nonamputee individuals walking on 0 deg,
63 deg, and 66 deg slopes in order to investigate muscle and
prosthesis functional roles. We expected that, compared to non-
amputees, individuals with TTA would use the hip extensor
muscles to generate more power to the legs on inclines and that
their amputated leg knee extensors would absorb less power from
the ipsilateral leg on declines. We also expected that the passive-
elastic prosthesis would generate less power to the trunk com-
pared to either the powered prosthesis or nonamputees. Neither
prosthesis was expected to generate power to the leg in late stance
like the nonamputee biarticular gastrocnemius.

Our first hypothesis regarding hip extensor function on inclines
was supported. Individuals with TTA used a hip compensation
strategy during uphill walking regardless of prosthetic foot type.
The hamstrings in the amputated leg absorbed more power from
the trunk and generated more power to both legs on nearly all
slopes compared to the intact leg, suggesting that individuals with
TTA rely heavily on the amputated leg hamstrings during uphill
walking. Our results of greater power delivery from the ham-
strings are consistent with prior work that found greater net hip
joint power in the amputated leg during uphill walking on

overground slopes of þ5 deg and þ10 deg at 1.28 6 0.11 m/s with
passive and powered prostheses [20] and at approximately þ7 deg
at 1.14 m/s with passive prostheses [33]. However, our simula-
tions add to this prior work by demonstrating that individuals with
TTA relied more on the biarticular hamstrings than on the uniar-
ticular gluteus maximus to absorb power from the trunk and gen-
erate power to the ipsilateral leg. These findings are similar to
previous level-ground simulation studies that showed that the
hamstrings are the key muscle group used to compensate for the
low stiffness of a passive-elastic prosthesis [31]. However, we
also found that using a powered prosthesis reduced hamstring
compensations during uphill walking, largely during midstance
(approximately 20–50% prosthetic leg gait cycle, Fig. 4). These
findings may have implications for individuals with TTA who
also have hamstrings weakness or injury. These individuals may
be unable to navigate sloped surfaces due to the demand placed
on the hamstrings, but use of a powered prosthesis may assist
these individuals. The results of the hamstrings also highlight that
the addition of prosthetic ankle joint power affects the functional
roles of other muscles in the body, and the effects of different
prostheses on the entire musculoskeletal system should be consid-
ered during device prescription and in future design. Notably, a
prior study that examined net hip joint power found significantly
greater net hip extensor power in people with TTA compared to
nonamputees on inclines, regardless of whether a powered or pas-
sive prosthesis was used [20]. However, in this prior study the
powered prosthesis was tuned to match generic biological ankle
mechanics only during level-ground walking. In contrast, in the
present study the powered prosthesis was tuned to reproduce non-
amputee ankle joint mechanics at each slope. These results

Fig. 4 Average power delivered to the trunk, ipsilateral leg, and contralateral leg by the ham-
strings muscles in the intact, amputated and average nonamputee leg during stance (0–60%
gait cycle) at slopes of 0 deg, 63 deg, and 66 deg. Values are normalized by segment mass.
Use of a powered prosthesis reduced hamstrings compensations in the amputated leg com-
pared to using a passive prosthesis, primarily during midstance (approximately 20–50% pros-
thetic leg gait cycle).
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suggest that specific tuning of the powered prosthesis for different
walking conditions may be helpful for taking full advantage of
additional ankle power.

Our hypothesis regarding reduced knee extensor function in the
amputated leg to absorb power from the leg and transfer it to
the trunk on declines was also supported. The rectus femoris in
the amputated leg delivered less power to the trunk and absorbed
less power from the ipsilateral leg compared to the intact leg rec-
tus femoris when walking at �6 deg (Fig. 5). Both the passive-
elastic and powered prostheses absorbed less power from the
trunk when walking at �6 deg (Fig. 6), which may suggest a
decreased need for power delivery to the trunk from the rectus
femoris. This result is similar to previous level-ground simulation
results, which found that the rectus femoris in the amputated leg
contributes less to braking of the body COM compared to non-
amputees [12], and may be related to atrophy of the knee exten-
sors that can occur in individuals with TTA [53]. The simulated
rectus femoris and vasti excitations were lower in magnitude than
the observed EMG in those muscles of individuals with TTA (Fig.
1), which may exaggerate the reductions in power absorbed in the
simulations. However, we did not alter muscle strengths in our
musculoskeletal models of participants with TTA, and people
with TTA often have atrophy of the amputated leg quadriceps
muscles [54]. Given the nominal muscle strength used in the
model, this reduced muscle excitation is likely indicative of the
reduced force from, and potentially reduced muscle strength of,
the knee extensors to achieve the observed walking kinematics.
Prior studies have also observed a decrease in knee flexion (i.e., a
more extended knee) in the amputated leg during early and mid-
stance of downhill walking compared to the intact leg [32]. While
knee angle in the amputated leg was highly variable among

participants in the present study (Fig. 8), several participants had
decreased knee flexion during downhill walking compared to non-
amputees. This strategy may reduce demands on the knee extensor
muscles, and may also be related to socket fit. Poor socket fit or
restrictions in movement imposed by the socket may lead to the
sensation of instability at the interface between the socket and
residual limb, which people with a TTA may counteract by
extending their knee in order to transmit more of the load axially
and reduce the knee flexion moment. These specific factors that
may influence the reduction of knee extensor function should be
further investigated.

Our hypothesis that use of a powered prosthesis would deliver
more power to the trunk compared to the use of a passive-elastic
prosthesis was not supported. In fact, the only significant differ-
ence between prostheses was that the powered prosthesis gener-
ated less power to the trunk compared to the passive-elastic
prosthesis at þ3 deg (Fig. 6). This result was surprising given that
the soleus generates power to the trunk [10], and we expected the
powered prosthesis to perform this function to a greater extent
than a passive prosthesis. However, despite the lack of direct dif-
ferences in function between prostheses, the powered prosthesis
reduced the compensation in the amputated leg hamstrings
(Fig. 3). There are several possible explanations for the lack of
differences between prostheses, even though the powered prosthe-
sis performs net positive work during the stance phase. First,
neither prosthesis performed the function of the biarticular gastro-
cnemius, which transferred power from the trunk to the leg on all
slopes (Fig. 6). Particularly on inclines, the gastrocnemius domi-
nated the net power absorbed from the trunk during mid to late
stance (Fig. 7, top row). Notably, the powered prosthesis did not
simply exaggerate the functional role of the passive-elastic pros-
thesis (i.e., increased extrema), but rather functioned more simi-
larly to the nonamputee soleus; absorbing less power from the leg
than the passive-elastic prosthesis during approximately 30–50%
of the gait cycle and delivering more power to the trunk during
approximately 50–60% of the gait cycle (Fig. 7). While these
results should be interpreted with caution due to the large variabil-
ity in the amount of power delivered to the trunk and leg from
both prostheses (Fig. 6), our findings suggest that use of the pow-
ered prosthesis reduces demand on the musculoskeletal system in
comparison with use of a passive prosthesis.

The results of this study should be interpreted in the context of
the limitations. Estimates of muscle forces from a simulation can
be sensitive to the cost function and optimization framework
[55,56] as well as to modeled muscle parameters, such as maxi-
mum isometric force [57]. Muscle parameters are difficult to mea-
sure but can differ between individuals of different ages or sex,
and can also be affected by weakness in the amputated leg. As the
participant groups in our study had different age (45 6 11 and
30 6 8) and sex (7M/1F and 4M/4F) distributions and we did not
model amputated leg muscle weakness, a future sensitivity study
would be useful to quantify the effects of these uncertainties on
our results. However, we chose subjects of similar height and
weight in order to make the physical characteristics of each group
as similar as possible. In addition, muscle functional roles to
accelerate and decelerate body segments can be sensitive to how
ground contact is modeled [58]. However, we used the same simu-
lation framework, cost function, and ground contact model for
simulations of all participants, and thus the effects of these
assumptions are consistent across all slope and leg conditions. In
modeling participants with TTA, we approximated the behavior
of the prostheses using a single torque actuator at the ankle joint.
Our modeling approach is similar to that often used in inverse
dynamics analyses of both nonamputees and individuals with
TTA, which assume rigid prosthetic and biological feet, but may
have an effect on our segment power calculations. Further, we
assumed the interface between the residual limb and prosthetic
socket to be rigid. Accurately measuring and simulating the
socket/limb interface through nonrigid interface mechanics should
be investigated in future work. The participants in our study were

Fig. 5 Mean (6 standard deviation across all trials) power
delivered to the trunk and ipsilateral leg by the rectus femoris
in the intact, amputated, and nonamputee leg during stance at
slopes of 0 deg, 63 deg, and 66 deg. Significant differences are
indicated between intact and amputated leg (L), passive and
powered prosthesis (P), and compared to nonamputees (N),
with p-values <0.001 indicated by “*.” Values are normalized by
segment mass. The amputated leg rectus femoris transferred
less power from the leg to the trunk at 26 deg compared to
nonamputees.
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Fig. 6 The left column gives the mean (6standard deviation across all trials) power delivered to the trunk and ipsilateral
leg by the passive and powered prostheses compared to the summed contributions of all ankle muscles in the intact and
nonamputee legs. Thus, these plots compare the functional roles of each prosthesis and the biological ankle. The middle
and right columns compare the passive and powered prostheses (same values as in left column) to the soleus and gastro-
cnemius of the intact and nonamputee legs. Values are normalized by segment mass. Significant differences are indi-
cated between intact and amputated leg (L), passive, and powered prosthesis (P) and compared to nonamputees (N), with
p-values <0.001 indicated by “*.”

Fig. 7 Average power delivered to the trunk, ipsilateral leg, and contralateral leg by the pow-
ered and passive prostheses compared to the soleus, gastrocnemius, and sum of all ankle
muscles in the nonamputee leg during stance (0–60% gait cycle) at slopes of 0 deg, 63 deg,
and 66 deg. Values are normalized by segment mass.
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given multiple days to adapt to using the powered prosthesis, but
additional adaptation time may improve user performance.
Finally, our study analyzed three trials per condition for eight par-
ticipants in each group, which is small from a statistical perspec-
tive. Nonetheless, the large effect sizes (many >0.8) of our key
findings give us confidence in these results.

Our results provide important information for future powered
prosthesis control algorithm design. For example, an alternative to
tuning prosthetic power delivery to match average nonamputee
ankle mechanics is to design the timing and magnitude of power
delivery to replicate functional roles of the biological ankle
muscles. Altered timing and power magnitude of the powered
prosthesis may potentially result in greater differences between
prostheses in distributing power between the trunk and legs and
fewer differences between people with and without TTA. Also,
the current results are based on simulations generated to match
experimental data. Other studies have used a predictive approach
in which prosthesis characteristics can be altered in silico [14,31].
Our results provide a basis for future predictive simulation studies
involving novel control of powered prostheses, with the goal of
minimizing compensations in other muscles, such as the ham-
strings and rectus femoris. A prosthesis that restores the functional
roles normally performed by the biological ankle muscles may in
turn improve mobility and reduce comorbidities such as joint pain
for people with leg amputation.

Conclusion

We generated musculoskeletal simulations of individuals with
and without transtibial amputations walking on inclines and
declines. We identified hip muscle compensations from the ham-
strings, but not the gluteus maximus, in the amputated leg. The
hamstrings in the amputated leg absorbed more power from the
trunk and generated more power to the legs compared to the intact
leg and nonamputees. During walking at �6 deg, the rectus femo-
ris in the amputated leg for both prostheses generated less power
to the trunk and absorbed less power from the ipsilateral leg com-
pared to the intact leg and nonamputees, consistent with other
studies that have shown reduced braking of the body COM from
the knee extensors of the amputated leg. There were few differen-
ces between the passive-elastic and powered prostheses in the
average power delivered to the trunk and legs during stance,
although use of the powered prosthesis reduced the compensations
in the amputated leg hamstrings compared to use of the passive-
elastic prosthesis. Consistent with other simulation studies of
level-ground walking, both the passive-elastic and powered

prostheses absorbed power from the leg and delivered it to the
trunk during stance, which is similar to the function of the uniar-
ticular soleus and dissimilar to the function of the biarticular gas-
trocnemius. The results of this study suggest that use of a powered
prosthesis provides functional benefits compared to use of a
passive-elastic prosthesis by reducing the hamstrings compensa-
tion strategy, but that neither prosthesis provides the function of
the gastrocnemius for a wide range of slopes.
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